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This research stems from my passion for impact-driven innovation in healthcare technologies. 
While I initially majored in biomedical engineering with the goal of attending medical school, I found that I 
was happiest creating and solving problems in my engineering classes and focused instead on medical 
device design.  I became interested in conducting research with Professor Zhang in particular, given that 
the Zhang lab specializes in functional nanomaterials for biomedical technologies, and values the 
translatable and human-centered focus that appealed to me about medical school.  
 My work with the Zhang lab dates back to early 2019, when I had the opportunity to contribute to a 
literature review on piezoelectric cardiac sensors. After becoming interested in this emerging field, I began 
my thesis developing novel fabrication methods for piezoelectric materials, for which one compelling use 
was pulse wave analysis. Given my ultimate goal of impacting human health, I became more interested in 
the clinical applicability of different pulse wave features than material properties.  I switched my research 
focus to answer a different question: whether piezoelectric materials could measure Pulse Wave Velocity 
(PWV) a valuable biomarker in non-invasively diagnosing hypertension. I value the balance of guidance 
and independence I experienced through conducting research with the Zhang lab that gave me the 
confidence to redirect my research focus.  I hope that this work serves as a resource for others working to 
improve the accessibility of cardiovascular diagnostic information.  
I would like to thank Professor Zhang for introducing me to this interesting field, helping me align 
my work with my research interests, and asking insightful questions to push my analysis further. I would 
like to thank Andrew Closson for teaching me an immense amount about piezoelectric materials, training 
me on all instruments used in the fabrication and data acquisition process, and guiding my research every 
step of the way.  I would also like to thank Lin Dong, John Molinski and Justice Amoh for sharing 
technical expertise and giving constructive feedback. Lastly, I would like to express gratitude to my friends 
and family for providing the unconditional support I have relied on throughout my Dartmouth experience. 
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ABSTRACT 
 
 
 Despite the widespread prevalence of hypertension in the United States, blood pressure remains 
challenging to measure in a non-invasive and continuous way. Pulse Wave Velocity  
(PWV), the speed at which a fluid wave propagates down a blood vessel during the cardiac cycle, is 
strongly correlated to blood pressure and can be measured non-invasively. PWV sensors hereby 
represent a promising step towards continuous blood pressure monitoring, an unmet clinical need. 
Piezoelectric pressure sensors, which generate voltage from mechanical deformation, could improve 
state of the art PWV technologies as they are self-powered and low cost. This work evaluates the 
feasibility of noninvasive blood pressure determination from piezoelectric PWV measurements. A 
wearable piezoelectric (PZT) sensor was developed to detect PWV and blood pressure in the radial 
artery, and a computational model was designed to describe how an ideal piezoelectric sensor would 
respond to changes in these parameters. Together these methods provide insight into the the 
relationship between PWV and blood pressure and the ability of piezoelectric materials to detect 
blood flow characteristics. Similarity between experimental and computational pulse waves confirm 
the physiological accuracy of this model and ROC analysis investigates the ability of a piezoelectric 
sensor to detect changes in blood pressure. Sensitivity, SNR and precision thresholds were 
determined for piezoelectric PWV and blood pressure sensing. This work encourages and lays the 
groundwork for future device development in this field.  
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I. INTRODUCTION 
 
1.1 Hypertension  
 
Hypertension, defined as a systolic blood pressure over 140mmHg and diastolic blood pressure 
over 90mmHg, is a preventable risk factor for cardiac dysfunction, stroke, and premature mortality. 
Hypertension has been dubbed the “silent killer” given its lack characteristic symptoms leading up to a 
potentially deadly outcome. The prevalence of hypertension among US adults over 20 years old was 
estimated to be 34.0% in 2014 (85.7 million adults) by the National Health and Nutrition Examination 
Survey, as well as 66% of individuals over age 65 [1]. 
Early detection and control of hypertension is linked to improved outcomes for patients given 
that blood pressure medication is relatively cheap and accessible. However, diagnosing hypertension is 
challenging and current blood pressure monitoring devices are not reaching patients in need. A study of 
17 nations including the United States found that only 46.5% of people with hypertension are aware of 
their condition [2].  
  The ability to measure blood-pressure in real time is critical for the diagnosis, prevention, and 
treatment of hypertension and associated conditions, but is not currently clinically available. Since blood 
pressure fluctuates rapidly in different physiological and environmental contexts, a patient’s true blood 
pressure is only accurately represented by continual measurements. The gold standard of blood pressure 
monitoring is the intravenous catheter, a pressure sensor in a hollow tube placed directly in larger blood 
vessels. Given the invasive nature of this technique, catheter measurements are only available in hospital 
settings and often require prior indications of abnormal blood pressure. The noninvasive alternative for 
measuring blood pressure is the oscillometric cuff, which occludes the blood vessel then detects the 
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pressure at which blood begins to flow upon deflation. Measurements taken with this automated cuff 
provide a picture of blood pressure at an instant in time, but would be cumbersome to use continually. 
Discrete blood pressure measurements, such as those taken using a cuff, are subject to sample size error. 
These limitations have led researchers to explore the correlation of other blood flow characteristics with 
blood pressure to come up with a better solution. 
1.2  PWV as a Blood Pressure Biomarker  
Pulse Wave Velocity, the speed at which a fluid wave propagates down a blood vessel during the 
cardiac cycle, is regarded as one of the preeminent alternatives to non-invasively and continuously 
monitor blood pressure. PWV has been shown to be an independent predictor of hypertension through 
numerous studies using both invasive [3]  and noninvasive [4] measurement methods. Non-invasive 
PWV detection involves recording two pulse waves at a known distance apart and measuring the time 
difference between equivalent points on the wave, as shown in Figure 1.a. PWV can hereby be estimated 
as ∆"∆#  . [5] 
 
Figure 1. PWV as a Detectable Blood Pressure Biomarker  a: General Mechanism of non-
invasive PWV sensing. b. Depiction of pressure driven flow in a hollow tube such as a blood vessel. 
 
 
 
9 
 
The relationship between blood pressure and PWV can be derived from a hydraulic analog of 
Ohms law (Equation 1.1) describing flow resulting from a pressure gradient in a non-porous hollow 
tube.[6] This is depicted graphically in Figure 1.b. 
 
 𝐽" = −𝐿$ ∆%∆" =	&!' = 𝑃𝑊𝑉 (Equation 1.1) 
 J"= volumetric flux (#$ 	) L%= hydraulic conductivity ( #!&$) Q"= volumetric flow rate (#"$ 	) ∆P= pressure gradient ( &##)across ∆x	 
A= Cross sectional area of the blood vessel (assumed constant across ∆x)  
 𝑄"	 is constant across the vascular system through the conservation of mass flux the if blood is 
idealized as an incompressible fluid [6]. As a result, PWV measured in the peripheral arteries can reflect 
the actions of the heart and central arteries if the difference in cross sectional area is taken into account. 
Multiple transfer functions have been created to derive a central blood pressure wave form from a radial 
artery waveform [7]. 𝑄(	 = 𝑄$ =	∫ 𝑃𝑊𝑉(𝑑𝐴 = ∫ 𝑃𝑊𝑉$𝑑𝐴	''	'(    (Equation 1.2) Q)	PWV), A) = Volumetric flow rate, PWV and area in central arteries  Q%	, PWV%, A% = Volumetric flow rate, PWV and area in peripheral arteries  
 
PWV is the combined result of input pressure due to cardiac work ( ∆𝑃) and impedance of the 
blood vessel network ( *+'). Physiological parameters significantly influencing cardiac work are the 
volumetric flow rate of blood through the aorta (cardiac output) and the tension developed in the heart 
during left ventricular contraction (contractility). Physiological parameters contributing vascular 
impedance are arterial elastic modulus, (𝐸) artery radius (𝑟) and blood viscosity (𝜂).  
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It is hypothesized that hypertension comes from the cardiac work and vascular impedance 
opposing each other to regulate PWV. Hypertension is initiated by a chronically increased cardiac 
output. Over time, the vascular impedance increases to compensate through thickened or stiffened 
arteries, which are vulnerable to atherosclerosis [9].  Increased vascular impedance further elevates 
blood pressure as well as the mechanical stress on the heart, as the heart must pump blood into a system 
at higher pressure [8]. This leads to physical damage and hypertrophy of the heart which over time can 
result in heart failure.  This theory illustrates that PWV is a physiologically regulated constant governing 
proportional increases in cardiac work and vascular impedance, both of which lead to high blood 
pressure and potentially fatal outcomes.  
 
1.3 Commercial PWV sensors  
Non-invasive, continuous blood pressure monitoring to control hypertension remains an unmet 
clinical need. As a result, there is a financial incentive; the global non-invasive blood pressure monitors 
market is expected to grow at a CAGR of 7.0% to reach $3.7 billion by 2027. [10] Given the predictive 
value of PWV as well as the relative accessibility of measuring PWV, a variety of PWV sensors have 
been commercialized in recent years. These PWV devices are often employed as preliminary screening 
tests that warrant more invasive tests such as catheter insertion.  
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Table 1. A comparison of commercial PWV Sensors.  
 
Desirable qualities of existing PWV sensors include low cost, wearable design, and superficial 
measurement methods with a small distance ( ∆𝑥 ) between sensors. One of the most common PWV 
sensors in clinical use is the Sphyngmocor device, which involves two sphyngmomanometric (cuff-
based) blood pressure measurements [11]. This device presents the same challenges as the standard 
brachial cuff. It does not continuously measure blood flow, is predominantly used in a hospital setting, 
and involves discomfort for the patient. In addition, the Sphyngmocor device is prohibitively expensive 
for population-scale use at $5000 [12]. 
 
A low price point is a necessary feature of PWV sensors intended to increase the accessibility of 
diagnostic information. One of the cheapest devices available is the Valencell [13], which involves two 
PPG sensors that measure blood flow through microvasculature at different points in the body; one 
placed on the finger and one placed in the ear. While the Valencell meets the financial specifications, its 
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sensitivity to blood pressure changes could be improved by a different sensor configuration. The 
Valencell device, as well as many other devices, measure PWV between two distant points on the body, 
the most common of which is between the femoral (leg) and carotid (neck) arteries. However, the 
sensitivity of PWV measurements varies inversely with the distance between the two sensors. The ∆𝑥 
term in the fundamental PWV relationship ∆"∆#  becomes less precise with sensors placed far apart due the 
curvature and branching of the human vascular network. In addition, Equation 1.1 illustrates that PWV 
varies with the hydraulic conductivity and pressure differential across a blood vessel, but these two 
parameters differ significantly across different portions of the vascular network. The PWV is calculated 
as an average of many different PWV values as shown in equation 1.3, which can obscure subtle 
changes in PWV and particular regions of increased vascular resistance.  
𝑃𝑊𝑉!"# = ∑ 𝑄$𝐴$%$&'𝑛 = ∑ ∆𝑃$∆𝑥$	 𝐿(	$%$&' 𝑛 = ∑ 𝑃𝑊𝑉$%$&'𝑛  
Equation 1.3 
n= number of different blood vessels involved in flow between two measured pulse waves 
 
A device with a smaller ∆𝑥 used in peripheral location on the body, such as the Millar SPT-301 
is better able to detect the nuances of blood flow in different parts of the body.  The Millar device uses 
applanation tonometry to detect PWV in a variety of peripheral locations. The radial artery is a common 
peripheral measurement location, given its proximity to the skins surface, and straight cylindrical 
geometry [14]. 
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An interesting new type of sensors involved in non-invasive PWV measurements are 
piezoelectric sensors. Piezoelectric materials generate voltage from deformation or strain as shown in 
Figure 2.a Through mechanoelectrical transduction, piezoelectric sensors detect the force or motion 
corresponding to a pulse wave. Piezoelectric sensors have the advantage of being self-powered, which is 
desirable for wearable electronics. Self-powered sensors simplify device integration since they do not 
require a battery (Supplementary Figure 1). In addition, self-powered sensors can generate completely 
continuous blood pressure measurements without the need to charge the device. Nevertheless, 
limitations in piezoelectric sensor output have slowed the development of wearable piezoelectric 
technologies. Piezoelectric voltage is low power and has a higher signal to noise ratio than other sensing 
methodologies such as ECG and PPG. Importantly, with a motion sensitive transduction mechanism, 
subtle signals such as a pulse wave must be extracted from noise due to larger motion events (such as 
walking, breathing, arm movements). Only one piezoelectric PWV sensor, Complior Analyse, is 
commercially available. Similarly to Sphyngmocor, Complior Analyse is only available for use in clinic, 
and primarily uses carotid femoral measurement methods [15]. This research provided evidence that a 
PWV sensor using piezoelectric transducers could be improved to be wearable, low cost, and more 
compact. 
 
1.4 Proposed Device and Investigation 
A design for a PWV prototype was proposed as shown in figure 2.c. The design involves two 
piezoelectric transducers affixed to a wristband and placed a small distance apart on the radial artery. 
This device is designed to be wearable, self-sustaining, user friendly, and low cost. A comprehensive 
analysis is needed to characterize the efficacy of this device in detecting PWV and diagnosing 
hypertension. Motivation for this work was not only to evaluate of a device design, but also inform the 
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emerging field of piezoelectric PWV sensing in general. As a device intended to improve existing 
methods of hypertension, the scope of this analysis is defined by the question: 
  
Can a piezoelectric sensor accurately detect hypertension from PWV measurements in the 
radial artery? 
 
Answering this question involved building a piezoelectric PWV sensor as well as a computational 
model predicting the voltage output of a piezoelectric PWV sensor under ideal conditions. The 
agreement of experimental and computational results enabled a comprehensive analysis of desired 
sensor specifications needed to detect changes in pulse wave velocity and blood pressure. Minimum 
values for sensitivity, accuracy, and Signal to Noise Ratio were determined for a piezoelectric PWV 
sensor to diagnose hypertension. Through the simulated piezoelectric output, an ideal piezoelectric PWV 
sensor was found to predict changes in blood pressure of 20mmHg, which encourages future 
development of the prototype to meet this goal experimentally.  
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Figure 2: Mechanism of PWV Sensing in the Radial Artery a. A schematic of piezoelectric 
electromechanical coupling, b. Governing equations of piezoelectric voltage generation in arbitrary 
dimensions, c. Schematic of the proposed device: wearable, low cost peripheral, and piezoelectric. 
 
 
 
2. A PVDF PWV Sensor  
 
2.1 Sensor Design Considerations  
This project originated as an investigation of nanofabrication techniques used in piezoelectric 
sensors. A workflow was developed to fabricate a flexible thin film piezoelectric transducer for 
continuous cardiac monitoring. Particular characteristics emphasized in this fabrication method include a 
linear voltage output, intrinsic flexibility, and manufacturability. 
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2.1.1 Voltage output: Thin film Structure  
  In a piezoelectric sensor, both deformation and electric potential can occur in the x, y or z 
plane, resulting in a variety of piezoelectric coefficients as shown in figure 2.b that can be expressed as a 
tensor. A thin film design was chosen to linearize and maximize the voltage output. A thin film structure 
reduces the voltage generated to a single dimension corresponding to a single piezoelectric coefficient 
[16].  In the case of wearable pressure sensors, the	𝑑,, piezoelectric response (deformation and electrical 
potential in the z plane) is optimal. In addition, the 𝑑,, charge generated by the piezoelectric element 
varies proportionally the cross-sectional surface area, such that a flat geometry results in the largest 
voltage output. A “sandwich” structure was chosen as the initial design, shown in figure 3c. Two 
electrodes were fabricated on the outside of a central piezoelectric element and attached to wires to 
induce a detectable current flow from the polarization of the piezoelectric material.  
 
 
2.1.2 Intrinsic Flexibility: PVDF and PEDOT: PSS 
Wearable electronics such as blood flow sensors require flexible materials to interface with the 
skin and other dynamic surfaces on the human body. An intrinsically flexible sensor detects the subtle 
pressure change of a pulse wave through closer contact with the skin. Given that voltage varies 
proportionally with strain, flexibility increases the sensitivity of a piezoelectric sensor. PVDF-TrFE, a 
biocompatible polymer with a relatively high  𝑑,, piezoelectric coefficient was chosen as the 
piezoelectric material. The use of PVDF-TrFE as a biomedical sensor has been well characterized by the 
Zhang lab, endovascular pressure, and heart rate sensors [17, 18] . While piezoelectric ceramics have 
much higher piezoelectric coefficients overall, it was hypothesized that improving the intrinsic 
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flexibility of the sensor could overcome these power limitations. PEDOT:PSS was chosen as the 
electrode material, as the most conductive biocompatible polymer commercially available. While more 
conductive inkjet-printed electrode materials are metallic, such as silver and Zinc Oxide [19],  they 
would not be compatible with a flexible surface.  
 
4.1.2 Scalable Deposition Method:  
Patterned sensors have been demonstrated to detect pulse wave velocity [20] among other 
biomechanical and biochemical characteristics.  A sensor patterned in an array or grid structure allows 
for high resolution spatial mapping across a 2D surface as opposed to 1 dimensional flow along a vessel. 
This could solve problems that arise in placement of non-invasive pulse measurement points [21]. 
However, patterned sensors are challenging to fabricate in a low-cost and controllable matter using state 
of the art deposition techniques such as photolithography and magnetron sputter. In recent years, there 
has been an increased interest in inkjet printing solution-based materials to fabricate thin film sensors. 
Benefits of inkjet printing include rapid prototyping, pattern capabilities and low fabrication cost. As a 
result, the PEDOT: PSS electrodes were patterned in an array on the surface of the PVDF using an inkjet 
printer. Notably, this design represents the first fully flexible self-powered sensor fabricated using an 
inkjet printer.  
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Figure 3. An inkjet printed PVDF-TrfE Sensor a. An SEM image of the PVDF-TrFE nanofiber matrix. 
c, e. A schematic and SEM image of the PDMS coating the PVDF-TrFE nanofiber matrix. b. A 
schematic of the array patterned sandwich structure. d. An image of a 1 square cm sensing element.  
 
 
 
4.2 Fabrication Methods  
4.2.1 Piezoelectric Layer 
PVDF-TrFE was electrospun into a nanofiber matrix (figure 3a, e) which has been previously 
correlated with increased voltage output. The nanofiber matrix was spin coated with 
polydimethylsiloxane (PDMS) to create a uniform layer to prevent shorting between the electrodes.  The 
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surface of the PDMS was then treated with an oxygen plasma to introduce oxygen radicals on the 
surface of the film to allow the hydrophobic PDMS/PVDF surface to bond better with the hydrophilic 
PEDOT:PSS.  
 4.2.2 Inkjet Printed Electrode Layer 
A workflow was optimized to inkjet print PEDOT: PSS electrodes on PDMS-filled PVDF film. 
A Fujifilm Dimatix DMP-2850 was used to print PEDOT: PSS electrodes with 0.8 weight % 
PEDOT:PSS ink (Millipore-Sigma). The drop spacing was 20 μm, the deposition surface was heated to 
40 °C and the drying time in between printed layers was 20 s. The driving voltage of the nozzles was set 
to a maximum of 40V and the waveform used to eject the ink was adapted from Ely et al. [22]. The ink 
was sonicated for 10 minutes at room temperature then filtered using a 40 μm PVDF filter. The effects 
of printing with and without oxygen plasma treatment can be seen in Supplementary Figure 4. After 
printing of the top electrode layer, the device was dried on a hot plate at 60 °C for 30 minutes. The 
electrode patterning was easily controllable using the printer, allowing fabrication any design of interest 
with a spatial resolution of 20 μm. A diagram of this process can be found in Supplementary Figure 3. 
The device was lastly coated in a 25 um layer of PDMS as a biocompatible seal. Characterization was 
performed on a square device as shown in figure 3 c. and a small 2x2 array structure of 0.5 cm squares.  
 
4.3 Sensor Output and Limitations 
4.3.1 Sensor Characterization 
A variety of tests were performed to evaluate the material properties and voltage output of the 
PVDF sensor. The resistance of the PEDOT:PSS electrodes was found to approach 40 Ohms at 
approximately 20 layers, and the maximum resolution of the printed PEDOT electrodes was shown to be 
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100um.  Importantly, applying compressive force to the piezoelectric sensor to generate d33 voltage 
gave a sensitivity of 2.67 V/N. An r squared value of .89 confirms d33 to be the primary piezoelectric 
coefficient as intended. 
 
 
Figure 4. Characterization of a PVDF-TrFE inkjet printed sensor.  a. Resistance of inkjet printed 
PEDOT:PSS as a function of layers printed. b. Maximum resolution of inkjet printed PEDOT:PSS on 
PVDF substrate with O2 plasma. C. Correlation between 2 sensing elements on an inkjet printed array. 
d. Force-Voltage correlation of a 1 square cm film. e. A similar experimental set-up for tests performed 
in c. 
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4.3.2 Limitations in Detecting PWV 
This PVDF sensor was ultimately not able to conclusively measure PWV, given a non-linear 
force/voltage response, low power and poor spatial resolution. As demonstrated in figure 4.d, the r 
squared value of the sensor was below .9, resulting in deviations from expected voltage was shown to be 
over 50% of expected data. Given the subtlety of pulse measurements (later calculated to be 10-.N) and 
the challenges of separating pulse signal from noise due to other motions, errors of approximately .5 
volts would obscure a signal from a pulse wave. In addition, the positioning of multiple electrodes on a 
thin film decreased the spatial resolution of the sensor. A test was performed to evaluate the relationship 
between adjacent 1 square cm sensors placed 1 cm apart on the same film.  Figure 4 e illustrates a 
similar experimental set up to the test performed in 4 d. The film was tapped along the length of the 
sensing axis in 1mm increments and the response at both of the sensors were recorded. Figure 4.d 
illustrates which element had a larger voltage amplitude at each mm increment, and by how much. 
Tapping on one sensor often induced a larger voltage response at the adjacent sensor. The covariance of 
the peak amplitudes from the sensors, a measure of how changes in one variable are associated with 
change in another variable, was calculated to be 3.33.  Expected covariance for two distinct pulses, in 
contrast, would be  <=0, indicating that the two voltage signal did not influence each other, or 
suppressed each other.  Sources of this unexpected covariance are the complex motions of the 
piezoelectric sensor and the integrated nature of two sensing elements on a continuous film. While 
flexibility can increase the voltage output in a given dimension, it also contributes to deformation from 
unintended sources such as shear stress and bending, which contribute significantly to the voltage output 
of the sensor. While only one sensing element was compressed in the z plane at a time, other 
deformations involved the full length of the film, resulting in a positive correlation. 
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The voltage output of the PVDF was not sufficiently linear and the complex motion of the 
piezoelectric signal presented challenges in detecting blood flow. However, this work demonstrated the 
efficacy of a novel fabrication strategy for an intrinsically flexible and easily patternable piezoelectric 
sensor which can be used in other biomedical applications such as measuring airflow in breathing [23] 
or energy harvesting [24]. 
 
5. PZT SENSOR 
 
5.1 Sensor Characteristics  
 
To improve the linearity and magnitude of the voltage response and the spatial decoupling of the 
piezoelectric sensors, a different sensor material was used. PZT diaphragms from Murata were 
purchased from Digikey for $0.66 each. Images of the PZT Prototype are shown in figure 5.  
 
 
Figure 5. Images of a PZT PWV wearable sensor  
 
 
The PZT sensors were 1mm thick and 1cm diameter, with a similar sandwich structure to the 
flexible PVDF sensor. The electrodes were aluminum, the natural frequency was 90 kHz [25]. The d33 
coefficient of PZT for similar sensor geometry was estimated to be 5.93 ∗ 10-*/C/N [26]. The 
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wristband (manufactured by Gymboss) was purchased from amazon for $2.95. The sensors were affixed 
to the wrist band with PDMS and the wrist band was tightened such that both sensors made complete 
contact with the skin, to minimize lateral motion (shear stress) and bending motion (bending stress) 
while the pulse wave was measured. The distance between the sensors (from center to center) was 
measured and found to be 1.4 cm. 
 
3.2 Data Acquisition and Processing  
 
The sensor connected to a data acquisition module (from DataQ instruments, $59) and data was 
taken in approximately 2-minute time frames. Sections of data involving motion events during data 
acquisition were detected and omitted by using a maximum voltage amplitude threshold. Overall, 27 
pulses from 1 person provided the basis for experimental transit time detection. This small sample size is 
potential source of error in the experimental set up, and more data should be taken in the future to 
substantiate the claims made in sections 5 and 6. The raw data in MATLAB was smoothed using a 
moving average function and the baseline drift of the voltage was corrected using the msbackadj 
function. The data filtered with a bandpass Chebyschev filter. The filter was designed to have an order 
of 2, a passband between .5 and 2 Hz, an allowed ripple of .2dB, and a sample rate of 200Hz. The filter 
design was optimized and tested using FilterWizard software.  
 
3.3 Sensor Output 
 
The transit time, the time delay between equivalent points on a wave, was calculated using an 
adaptation of MATLAB package initially intended for Doppler ultrasound pulse transit time 
measurements [27].  This algorithm calculates 3 reference points on the wave, the maximum slope of 
each wave, the peak of the wave and the foot of the wave. The processed signal with these reference 
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points is shown in Figure 6.a. Transit times were calculated comparing the time delay between points on 
the wave, as well as fitting periodic functions to the waves. Using the wave foot as a reference point for 
each pulse resulted in the least variable transit time data and is the reference point used by other PWV 
measurement systems such as Complior. Transit times were calculated using wave feet as reference 
points and are shown in figure 6.b. The average of the transit times was found to be .075s corresponding 
to a PWV of .186 m/s, which is strikingly close to estimated values for fluid wave propagation in 
terminal blood vessels (.2 m/s)  [6]. While literature review estimated the resulting pulse wave velocities 
to be close to clinical values, a more specific reference measurement of piezoelectric transduction in the 
radial artery is needed. This reference point will help distinguish what about this waveform reflects 
PWV and what is noise or system bias.  
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Figure 6. Experimental Pulse Wave Data and Transit Time a. Superimposed voltage signals and wave 
features used to approximate PWV. b. transit times calculated from the data in a. 
 
 
 
4. A Computational Model of an Ideal Piezoelectric PWV Sensor 
 
A MATLAB model was developed to simulate the waveform output of an ideal piezoelectric 
sensor. This model characterizes the relationship between blood pressure and PWV, evaluates the 
performance of a piezoelectric sensor under varying input pressure conditions, and minimizes 
experimental error. The modeling approach was divided into 3 tasks: modeling blood flow in the radial 
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artery, modeling the transverse motion of the vessel wall as a function of the elastic expansion of the 
blood vessel, and modeling the output of the piezoelectric sensor.  
 
4.1 Modeling Fluid Flow in the Radial Artery  
 
4.1.1 Laminar Flow 
 
An important parameter describing fluid flow in a thin vessel is the ratio of inertial to viscous 
forces, known as the Reynolds number. This ratio characterizes the fluid flow as either laminar, in which 
all flow layers throughout the cross section of the tube move in parallel, or turbulent, in which lateral 
mixing occurs between layers. The impedance term relating pressure to flow velocity (see equation 1.1) 
is simplified the case of laminar flow. Accounting for the changes in velocity due to lateral mixing in 
turbulent flow is more challenging. The Reynolds number for fluid flow in the radial artery was 
calculated using the parameters shown in Table 2. Values for these parameters were determined from 
mean values of normotensive subjects in clinical studies [27, 28]. 
 
Table 2. Parameters used in modeling laminar flow.  
 𝑅0 = 12345 = 2422           (Equation 4.1.1) 𝛼 = 𝑟=625 = 1.725          (Equation 4.1.2) 
 
 
The Reynolds number was calculated to be 2422, slightly above the laminar threshold of 2000, 
but far below the turbulent threshold of 4000. The Reynolds number varies proportionally with the 
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radius of blood vessel, as does motion of a blood vessel wall and corresponding output from a 
piezoelectric pressure sensor. As a result, the highest Reynolds number corresponding to laminar flow is 
the ideal case for a piezoelectric pressure sensor. However, the Reynolds number thresholds only apply 
for steady state flow. Blood flow in the radial artery, in contrast, is pulsatile and subject to additional 
inertial forces. 
 
  The Womersley number was used to evaluate the effect of pulsatile flow on the velocity profile. 
The Womersley model characterizes the ratio of inertial to viscous forces specifically for pulsatile flow 
and is shown in equation 4.1.2. The Womersley number for the radial artery was determined to be 1.725, 
while the laminar threshold is approximately 1. Similarly to the Reynolds number, the Womersley 
number characterizes the flow as between laminar and turbulent, and demonstrates that pulsatile flow 
must be accounted for when calculating vascular impedance. A MATLAB toolkit used to simulate 
pulsatile flow in arteries was used to model velocity profile of blood flow in the radial artery, as 
depicted in figure 7. 
 
 
Figure 7. Laminar velocity profile across a 1.4mm section of the radial artery  
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4.1.2 Blood Flow Impedance 
 
 
Two significant sources of impedance were determined for blood flow in the radial artery: the 
inertial and viscous forces of the fluid as defined by the Womersley model 𝑍7899:, and the vessel wall 
expansion caused by the propagating wave 𝑍30;;08. These impedance values are combined in series to 
approximate the PWV corresponding to an input pressure gradient. The vessel wall was idealized as a 
frictionless tube and blood was idealized as a Newtonian fluid. 𝑍 = 𝑍7899: + 𝑍30;;08         Equation 4.1.3 
 
 
 
Table 3: parameters used in estimating vascular impedance. 
While initial simulations involved an input pressure of 115/75, adjustable input pressure is one of 
the motivating factors for creating this model. Another variable parameter in estimating impedance is 
the elastic modulus of the blood vessel. Elastic modulus changes as a function of pressure, as the vessel 
becomes more difficult to distend at higher pressures. The relationship between arterial elastic modulus 
and blood pressure contributes significantly to the relationship between pressure and PWV, which is to 
be expected since arterial stiffness is a hallmark of hypertension. In the model, this relationship was 
estimated from an approximately linear pressure/elastic modulus curve published by Safar et al [29].  
 
 
 
29 
 
A pressure waveform was obtained from an online database containing waveforms for all major 
arteries as derived from a comprehensive arterial tree model [30]. The data from this waveform was 
parsed and scaled to fit the input systolic and diastolic pressure conditions. Assuming that there was no 
change in diastolic blood pressure along the 1.4 cm length between the sensors, the diastolic pressure 
was scaled to 0. The data was fit to a Fourier series function with 20 modes, since the Womersley flow 
model sums the resultant inertia due to higher angular frequencies involved in the waveform as well as 
the fundamental frequency corresponding to heart rate.  Supplementary Figure 6 shows the result of this 
fitting. The modified toolkit for pulsatile flow used the coefficients of this Fourier series to develop the 
Womersley equation [31]. 
𝑣(𝑟, 𝑡) = 𝑅0 C∑ <%=+2>6 E1 − ?,(A>-.	</. 	0	1)?,(A>-.	</.) F 𝑒<>6#C>D/ H    Equation 4.1.4 P′E = Fourier Coefficient of Waveform for mode n n =set of integers from 0 to N J/ = Bessel Function of the first kind, order 0 α = Womersley Number ω = fundamental angular frequency (heart rate) r = distance from center of blood vessel R = radius of blood vessel  
 
This function was used to calculate the velocity throughout the 2d cross sectional area of the blood 
vessel as shown in Figure 7. The average value of this velocity as a function of time, PWV(t) was 
determined, and the impedance was estimated as the ratio between the input pressure P(t), to PWV(t).  
This value was calculated to be 311 mmHg/m/s.  
For Womersley numbers lower than 2.5, which is the case for the radial artery, there is a much 
simpler solution. The impedance of pulsatile flow can be related simply to Poiseuille’s estimation of 
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vascular resistance in a hollow tube under steady state flow conditions by a correction factor. Poiseuille 
resistance 𝑍$ is represented by the following equation: 
𝑍$ = .F8G42		 	 	 	 	 	 	 	 	 Equation	4.1.5		η =viscosity of fluid l =length of blood vessel r =radius of blood vessel  	
Pulsatile flow resistance 𝑍7899:	 with the same properties can be related to 𝑍$ using the equation 
𝑍7899: = 𝑍$(1 + 𝑅0 SHA.. T          Equation 4.1.6 
 
4.1.3 Vessel Expansion Impedance 
Another source of vascular impedance comes from the continual expansion of the blood vessel 
wall as the fluid wave propagates. The work done by the blood in continually expanding the tube can be 
approximated as pressure volume work W=𝑃0"#∆𝑉.  ∆𝑉 was determined using the systolic and diastolic 
pressure difference and the elastic modulus: 
∆𝑉 = 𝜋 VW𝑟 + (IJ%-KJ%)1GLM X1 − 𝑟1Y = 𝜋[[𝑟 + ∆𝑟]1 + 𝑟1]     Equation 4.1.7 
𝑃0"# was approximated as the diastolic blood pressure, assuming the vessel wall is at equilibrium 
when not distended. Using the conservation of energy and the initial velocity determined in 4.1.2 as 𝑣9, 
an additional impedance term is calculated, which can be related to 𝑣N, the estimated PWV.  
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𝑈 = *1𝑚𝑣91 − 𝑃0"#∆𝑉 = *1𝑚𝑣N1        Equation 4.1.8 
𝑍30;;08 = 𝑆𝐵𝑃/(𝑣9 − 𝑣N) =	155 mmHg/(m/s)       Equation 4.1.9 
𝑚 =mass of 1mm segment of blood vessel  
The resulting impedance was calculated to be 466 mmHg/m/s. This gave the PWV from the input 
pressure wave scaled to 113/73 mmHg and is shown in Figure 8. 
 
 
 
Figure 8 : Pressure-Velocity Relationship in the radial artery at 113/73 mmHg 
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Using this relationship, the mean PWV was determined to be .251 m/s. This is significantly similar to 
the mean experimental PWV value, (.186 m/s), as well as t the Moens Korteweg (MK) estimation of 
PWV, shown in equation 4.1.10. The MK equation is one of the most common methods of PWV 
estimation but was not used in this model since it does not account for variable blood pressure. 
 
𝑃𝑊𝑉 = = ML142           Equation 4.1.10 
Using the same parameters, as well as a vessel thickness (h) of .1mm, PWV was calculated to be .2898 
m/s using the MK equation. These values correspond to PWV values found in a clinical study of a 
similar wrist worn device using ultrasound transducers instead of piezoelectric transducers (.211 m/s) 
[32] as well as a textbook describing radial artery hemodynamics (.2 m/s) [5]. 
 
4.2 Modeling Vessel Wall Motion P(t) : x(t) 
 
 Another objective of this model was to develop a relationship between blood pressure and 
piezoelectric output. Since the piezoelectric sensors detect motion, it is first necessary to describe the 
transverse motion of the blood vessel and skin as a function of blood pressure, which can then be related 
to PWV using the steps described in section 4.1. The geometry used in this model is the top half of a 
blood vessel 1 mm long, as depicted in Figure 9.a. It is modeled as a lumped system due to the thin 
nature of the wall and small length chosen. 
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Table 4. Parameters used in modeling vessel wall motion 
 
This segment of blood vessel has characteristic damping, effects, elastic effects, and mass, and 
can be approximated as a mass spring damper system using the second order differential equation: 
?̈? + 𝑐𝑚 ?̇? + 𝑘𝑚𝑥 = 𝑓(𝑡)𝑚  
          Equation 4.2.1  
 f(t) = Pr: Circumferential tension in vessel wall (using Laplace’s law for hollow tubes) k = 2lhE : spring constant of blood vessel 																m = ρπrlh=mass of blood vessel 																	c =tissue damping factor: 2*10^-4 [33] 
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Figure 9. Cross section of blood vessel wall:  Model and geometry of vessel wall as a mass 
spring damper system  
 
 This differential equation can be solved to describe the periodic motion of the spring as a 
function of frequency and pressure input over time.  
  𝐻(𝑠) = 𝑥(𝑠)𝑓(𝑠) = 1𝑚𝑠 + 𝑐𝑠 + 𝑘 
          Equation 4.2.2 
    
The relationship between input pressure and vessel motion is shown in Figure 10. The vessel 
wall was expected to extend approximate 3 mm between diastolic and systolic states. While this is not 
physiologically accurate it is close to reported values of 1.34 mm [34]. This transfer function, along with 
the Fourier series transformation used in the Womersley model, enables the simulation to be robust to 
changes in heart rate. The magnitude of the transfer function as a function of fundamental frequency is 
shown in figure 10.c. The phase response was insignificant given that the system was overdamped (the 
spring constant had the most significant damping effect).  
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Figure 10. Vessel Wall Motion The relationship between blood pressure (a). and motion of the vessel 
wall (b). c. The magnitude response of the transfer function. 
 
 
4.3. Modeled Piezoelectric Output 
 
Lastly, the motion of the vessel wall was translated to a voltage output on the piezoelectric 
sensor, given that x(t) is defined for all t within a pulse cycle. Force due to the motion of all 10 1mm 
increments of the artery interfacing with each 1cm sensor was calculated by Newton’s second law:  
𝐹>0# = 10 ∗ 𝑚𝜕1𝑥𝑑𝑡1  
 
The total charge (Q) on the PZT sensor was estimated the 𝑑,, coupling relationship of 5.93 ∗ 10-*/	 
Coulombs/N. The capacitance of the piezoelectric disk was calculated using the equation: 𝐶	 = OP3'Q           Equation 4.3.1 
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k = relative permittivity of PZT=300 ε/ =permittivity of free space=8.84 ∗ 10-*1	  A =cross sectional area of piezoelectric disk δ = plate thickness  
The piezoelectric voltage was calculated as  𝑉 = &R . The results of the modeled piezoelectric voltage in 
comparison to the experimental piezoelectric voltage are compared in Figure 10.  
The relative magnitudes of the peak voltages of the simulated and experimental data were within a factor 
of 2, demonstrating that the motion of a vessel wall can be effectively modeled as a mass spring damper 
system using the geometry described in section 4.2. The waveforms of the experimental and simulated 
data agree strikingly, particularly in subtle wave features such as the dichrotic notch and subtle 
oscillation in between peaks. The correlation between these more subtle wave features could support 
blood pressure predictions in future work.  
 
 
 
37 
 
Figure 11. Simulated and Experimental Piezoelectric Voltage  
 
5. Sensor Evaluation  
 
5.1 Sensitivity 
Using the model developed in section 4, PWV and piezoelectric voltage waveforms were 
calculated for blood pressures between 115/75 mmHg and 150/110 mmHg. The peak voltage amplitude 
of the piezoelectric sensor was found to vary approximately linearly with both pressure and PWV. The 
sensitivity of the simulated piezoelectric output to changes in blood pressure was determined from the 
slope of these curves to be .0001V/mmHg and .038V/m/s respectively. As a point of comparison, the 
standard deviation in experimental peak amplitudes across a 2 minute data acquisition period was 
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.0065V. This suggests that large scale changes in blood pressure and PWV, such as in the case of 
cardiac arrest, can be detected by the current prototype.  
 
5.2 Accuracy 
Histograms of expected PWV values were generated for both normotensive and hypertensive 
patients and compared to experimental data. Normotensive pressures were approximated as a gaussian 
distribution centered at 120/80 mmHg SBP/DBP with a standard deviation of 10 mmHg, the typical 
blood pressure variation over the course of a day [35].  Hypertensive pressures were approximated as a 
gaussian distribution centered at 140/100 mmHg. Pressure values in these histograms were correlated to 
PWV using the relationship between PWV and pressure developed in section 4.1 and were plotted on 
the same scale as the experimental PWV values. The experimental PWV was shown to be significantly 
lower and have a larger standard deviation than the model-generated values. 
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Figure 12. Diagnostic Capability of the PZT Prototype and Model. a. Gaussian distributions of 
experimental PWV data, model-generated PWV data for normotensive patients, and model-generated 
PWV data for hypertensive patients. b. ROC curves for the PZT sensor and the model in distinguishing 
between blood pressure at 120 mmHg and 140 mmHg 
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The most impactful aspect of this work involves quantitatively assessing the diagnostic 
capability of a piezoelectric PWV sensor. The simplest measurement possible for a blood pressure 
monitoring system is a binary classification between normal and high blood pressure. A Receiver 
Operator Characteristic (ROC) curve is a common way to assess the efficacy of a binary classifier to 
distinguish between two datasets of a common variable. The datasets used for model evaluation are 
those shown in Figure 12a. The true experimental data was used for the prototype normotensive 
distribution, and to simulate the prototype PWV values for hypertension, a gaussian distribution was 
generated with a mean at 140 mmHg and the same standard deviation as the experimental data.  
 
An ROC curve was constructed by first calculating the probability of a true hypertensive, false 
hypertensive, true normotensive, and false normotensive diagnoses at each PWV value. The false 
positive probability (FPF) : ST8;0	UV$04#0>;<30ST8;0	UV$04#0>;<30WX4Y0	C94Z9#0>;<30	 and true positive probability (TPF) : 
X4Y0	UV$04#0>;<30X4Y0	UV$04#0>;<30WST8;0	C94Z9#0>;<30	 are then determined for each PWV threshold. The area under the 
ROC curve (AUC) measures how the FPF varies with the TPF, and quantifies how effective the overall 
system is.  The AUC for a predictive classification system is between 1 and  .5, the AUC for a random 
classification system is .5, and the AUC for an incorrect or not predictive classification system is 
between .5 and 0.  ROC curves for the PZT sensor and the model were determined for threshold PWV 
values corresponding to blood pressures ranging from approximately 100 mmHg to 150 mmHg. The 
AUC for the prototype was approximately .4, while the AUC for the model was .7. These statistics 
provide a conclusive answer to the research question motivating this work: data from an ideal 
piezoelectric PWV sensor reflects a 20 mmHg change in blood pressure, while data from this 
prototype did not.  
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5.3 Signal to Noise Ratio 
An important quality of any biomedical sensor is the signal to noise ratio, expressed as: 𝑆𝑁𝑅 = 10𝑙𝑜𝑔*/ %4%+       Equation 5.3 𝑃; = signal power  𝑃> =noise power  
 
 To determine the minimum signal to noise ratio (SNR, units of dB) required to detect PWV 
using the transit time algorithm detailed in section 3, white gaussian noise was added to experimental 
data and SNR using an algorithm (adapted from [36]).  Figure 13 demonstrates that the peak detection 
involved in the transit time algorithm malfunctions below an SNR of 35.  
 
Figure 13. Transit Time algorithm for different SNR conditions  
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The minimum noise needed to distinguish between 20mmHg of blood pressure was investigated. The 
change in transit time corresponding to pulse wave velocity measurements at 120 and 140 mmHg of 
blood pressure was calculated to be .01s  at a sensor spacing of 1.4 cm, as depicted in equation 5.1. ∆𝑇𝑇 = (𝑃𝑊𝑉LV$04#0>;<30 − 𝑃𝑊𝑉>94Z9#0>;<30)∆𝑥 = ∆𝑥 ∗ 𝑍 SW∆%56'7087+49:7∆" X −	W∆%+,0;,87+49:7∆" XT =.01s  
Equation 5.1 𝑇𝑇 =Transit Time  
The standard deviation of the transit time was calculated for a sequence of 13 pulses obtained by 
the prototype as well as 13 pulses obtained by two simulated waveforms out of phase by the mean 
experimental transit time. As shown in Figure 14, The standard deviation of the simulated transit times 
dropped below the .01s threshold at an SNR of 22dB (the standard deviation should approach 0 as the 
SNR gets infinitely high). The standard deviation of the experimental transit times did not get below the 
threshold but approached approximately .1s. This was expected since the ROC curves showed that 
transit time and PWV measured this way was not an effective system to distinguish 20mmHg.  Notably, 
the experimental data had an SNR of 55dB, indicating that noisy signal was not the contributing factor 
to the large standard deviation in transit time.  
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Figure 14. Standard deviation of transit time as a function of SNR   
 
 
6. Summary of Completed Work 
 
In summary, a novel intrinsically flexible and inkjet printed PVDF sensor was developed to sense 
physiological motion. Spatial and voltage characterization determined that this sensor was not feasible 
for PWV detection due to challenges resulting from complex motion of the piezoelectric sensor and non-
uniform material deposition. A PZT prototype was developed instead, using materials that cumulatively 
costed less than 10$, and was used to collect data at two points on the radial artery. The data was 
processed and smoothed, and transit time calculation was optimized, and to better understand this data, a 
computational model of blood flow in the radial artery was developed. This model determined the 
relationship between pulse wave velocity and blood pressure by calculating vascular impedance, as well 
as the relationship between blood pressure and piezoelectric output. Sensitivity was calculated using the 
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slope of voltage output curves as a function of pressure and PWV. Accuracy was calculated using 
histograms depicting typical daily blood pressure fluctuation and ROC curves. SNR thresholds were 
evaluated using the standard deviation of transit time. From these analyses an ideal piezoelectric sensor 
as depicted in the model was shown to be a potential new diagnostic technology, while the prototype 
was not able to predict subtle changes in blood pressure. The specifications determined through this 
work in Table 5 present a novel set of guidelines needed to continually monitor PWV to detect 
hypertension. 
 
 
Table 5: Design specifications for a piezoelectric sensor to continually monitor PWV and monitor 
hypertension from PWV. 
 
 
6. Future work  
 
Future steps should be taken to improve both the experimental and computational methods. 
Concerning the experimental portion, the most glaring source of error is the lack of data. An IRB is 
currently under review by the Dartmouth Committee for the Protection of Human Subjects to be able to 
acquire more PWV data. Other sources of experimental error include the imprecise measurement of 
sensor distance and movement of sensors during data acquisition as well as lopsided placement of 
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sensors on the artery. A fully integrated and array patterned sensor like the PVDF design could solve 
some of these challenges.  
  
The lower experimental PWV values in comparison to the model implies that other sources of 
impedance restrict blood flow in vessels and should be factored into the model. This could include 
friction due to blood on the vessel walls as well as additional external pressure from the wrist band.  
 
On a longer timescale, future work would incorporate these principles into a marketable device. 
In order to continually monitor blood pressure, Bluetooth transmission and/or data storage methods must 
be integrated on a simple chip. In addition, given the similarities between the experimental and 
simulated waveforms, other features could be extracted from the waveform data using more advanced 
numerical methods such as machine learning and cross-correlation algorithms [37].  For example, the 
second peak of the radial artery waveform has also been shown to be correlated with blood pressure 
[38]. The work represents the first step in characterizing a new PWV sensing methodology with promise 
to break down barriers in accessibility of hypertension diagnosis. With clinical motivation and an 
improved prototype, a piezoelectric PWV sensor could be developed to inform doctors, patients, and the 
population at large about the risks and scale of the hypertension epidemic. 
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APPENDIX: Supplemental Figures 
 
 
Supplementary Figure 1: Components needed for future device integration  
 
 
 
Supplementary Figure 2: Printed PEDOT: PSS with and without O2 plasma surface treatment [37]. 
 
 
Supplementary Figure 3: Fabrication Workflow [37]  
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Supplementary Figure 4 : Data points used in Radial Artery Pulse Waveform Approximation
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